Objective. The objective of the present study was to develop a numerical model of the shoulder able to quantify the influence of the shape of the humeral head on the stress distribution in the scapula. The subsequent objective was to apply the model to the comparison of the biomechanics of a normal shoulder (free of pathologies) and an osteoarthritic shoulder presenting primary degenerative disease that changes its bone shape.
Introduction
The glenohumeral joint is the most important joint of the shoulder. It is composed of the humerus and the scapula. Glenohumeral contact occurs between the humeral head, which is almost spherical, and a small shallow depression on the scapula called the glenoid fossa. The poor congruence of the articular surfaces allows the large range of motion of the shoulder but does not contribute to its stability. The soft tissues, especially the rotator cuff muscles, constitute the major stabilizer of the glenohumeral joint [1] [2] [3] . Since the bone congruence is poor, the glenohumeral motion is strongly dependent on the shape of the humeral head and on the muscle balance. Altered shapes of the humeral head, in case of osteoarthritis, after prosthetic replacements, or a disease-induced modification of the mechanical properties of the muscles, may induce a modification of the glenohumeral motion, and contact location, and thus may modify the bone stresses in the scapula.
In order to track the behavior of the glenohumeral joint, a numerical model has to include both the exact bone geometry and the stabilizing muscles of the joint. Numerous models of the human shoulder have been proposed. The first models were based on the inverse dynamic theories [4] [5] [6] [7] and were used to determine the muscular forces. Models based on the deformable body concept [8] [9] [10] [11] [12] were then proposed and used to calculate stress distribution within individual bones of the joint. The most recent models combine both approaches by using the muscular forces obtained with the inverse dynamic theory to calculate the stress with a finite element (FE) model [13, 14] . However, none of these models is able to determine the modification of the glenohumeral motion due to a change of the shape of the humeral head, nor the precise location of the contact point on the glenoid surface, which are determinant for the stress distribution in the scapula.
The goal of this study was to develop a three-dimensional (3D) FE model of the shoulder that includes the major rotator cuff muscles. Reconstruction of the muscular tissue allows simultaneous determination of the glenohumeral motion in function of the bone geometry and calculation of the bone stress distribution. The model was then applied to study normal and osteoarthritic (OA) shoulders and results obtained with the numerical model were compared with clinical observations. In case of osteoarthritis, a posterior wear of the glenoid region as well as posterior subluxation of the humeral head are frequently observed. The objective of the model is to reproduce these clinical findings and to show the effects of the OA glenohumeral anatomy on the joint motion and bone stress during internal (IR) and external rotations (ER).
Methods

Data acquisition
Two human fresh frozen cadavers shoulders were used: a normal, without any evidence of pathology and an OA one, with primary degenerative disease that changed its bone shape and density but without any full thickness tear of rotator cuff tendons. Twelve radioopaque zirconium beads, 0.5 mm in diameter, were implanted percutaneously in the bone cortex of each shoulder (six in the humerus and six in the scapula). The beads were used to define a coordinate system fixed to each bone. Computed tomography (CT) scans of both shoulders were performed (helicoidal CT, General Electric). Slices 1 mm thick were obtained from the acromion to the middle portion of the humerus. CT provided data about bone geometry and bone density distribution.
The three major rotator cuff muscles (subscapularis, supra and infraspinatus) were included in the model. A careful dissection of both shoulders was performed for this purpose. The insertions of the three muscles on the humerus and the scapula were accurately located. Using a Polhemus 3Space Fastrak Stylus (Polhemus 3Space Fastrak, Colchester, Vermont, USA) [15] , the exact insertion and origin of the three muscles were digitized. Four points at the corner of each muscle were recorded to represent the insertions (eight points per muscle). The positions of the zirconium beads were then accurately located and digitized using the Polhemus during the dissection. As the zirconium beads were visible on CT, it was possible to place the muscles in the same coordinate system as the CT images.
Finite element model reconstruction
The external contour of bone was accurately defined on each CT slice with a digitization error lower than 0.7 mm (2 pixels). The obtained curves were then transferred in the PATRAN PATRAN software (MacNeal-Schwendler, South Coast Metro, California, USA) and used to reconstruct the 3D geometry of the scapula and of the proximal humerus of both shoulders. The FE mesh of the reconstructed bone was divided into two parts. For both shoulders, the scapula and the spinatus were meshed using 8-node hexahedral volume elements (C3D8) and the humerus was meshed with 4-node rigid surface elements (R3D4). About 11000 3D elements and 800 2D rigid elements were used for each shoulder (Fig. 1) . The humerus was meshed with rigid elements in order to limit the size of the model and the calculation time. We have shown that this approximation did not modify the glenohumeral contact region, force or the stress distribution in the scapula [16] . The commercial FE software A B AQ US A B AQ US/S S tandard 5.8-1 (Hibbitt, Karlsson and Sorensen Inc., Pawtucket, Rhode Island, USA) was used for the simulations, and the name of the elements refer to this software.
Custom-made software was designed to read the density from CT slices and to automatically incorporate the non-homogeneous distribution of bone density into the meshes. This software first read all the CT images, computed a relative density for each node of the mesh and then saved the resulting list in an output file [17] . The mechanical properties of the deformable bone region depend on the square of the apparent density (Table 1 ). According to this quadratic dependency, a non-homogeneous bone constitutive law was developed [18, 19] and implemented in the FE software.
The 3D geometry of the subscapularis, supra and infraspinatus muscles was reconstructed. We considered the muscular insertions on the bone surfaces of the humerus and scapula as defined by the four landmarks defined after dissection. The muscular belly was assumed to be an isoparametric solid between the two insertions surfaces, that winds around the previously reconstructed bone geometry. Three-dimensional muscles were then meshed with about 1200 hexahedral hybrid 3D elements (C3D8H) (Fig. 1) . In the present study, only the passive behavior of the muscles was accounted for. The passive stress-strain law applied to the muscles (Table 1 ) was based on the strain energy function of Veronda [20] that has been recently applied for other joint soft tissue as ligaments and tendons [21, 22] .
The articular cartilage of the normal shoulder was also reconstructed. The OA shoulder had no cartilage in the region of the glenohumeral contact. For the normal shoulder, the reconstruction was based on the hypothesis that the space observed on the CT images between the humerus and scapula was filled with cartilage. The minimum gap was measured and the 3D cartilage was reconstructed with a constant thickness equal to the half of this distance. The FE mesh of the cartilage was made of 2000 hexahedral hybrid 3D elements (C3D8H). A Neo-Hookean incompressible constitutive law was used for the cartilage (Table 1 ).
Loading conditions
The muscles were fixed on the humerus at the insertion sites defined after dissection. The scapular insertions of the muscles were not 3D reconstructed (Fig. 1) . The extremity of the scapular side of the muscles had a motion controlled by the boundary conditions ( Fig. 2A) . These displacements represent the contractions of the muscles. An initial pre-stress (IPS) of 1.5 kPa was introduced in all the muscles by an imposed displacement of the scapular extremity of the muscles in the direction of their insertions sites on the scapula. The additional displacements of the scapular extremity of the muscles were the same as the displacements of the scapula.
The neutral position of the glenohumeral joint (0°of rotation) was defined as the position in which the center of the humeral articular surface faces the center of the glenoid fossa ( Fig. 2A) . From this neutral position an ER (up to 30°) was achieved by imposing a gradual displacement of the scapular extremity of the infraspinatus muscle. Similarly, an IR (up to 40°) was achieved by imposing a displacement to the scapular extremity of the subscapularis muscle ( Fig. 2A) . The motions were chosen to be pure rotations. Boundary conditions imposed on the distal extremity of the humerus prevent motions of adduction/abduction and motions of flexion/extension. For the boundary conditions, a coordinate frame was defined at the bottom of the humerus with one axis (e 3 ) oriented in the direction of the humerus diaphysis and with an other axis (e 1 ) oriented parallel to the plane of the scapula (Fig. 2C ). Flexion/extension were prevented by imposing zero rotation around e 1 (UR 1 ¼ 0) and abduction/adduction were prevented by imposing zero rotation around e 2 3 , q: bone density [36] [37] [38] Muscles Exponential hyperelastic, incompressible
Cartilage Neo-Hookean hyperelastic, incompressible
(UR 2 ¼ 0). The angular rotation was measured by the rotation around e 3 . The vertical translation of the humerus was constrained by a vertical spring (SPRINGA SPR ING A, k ¼ 1000 N/mm), precluding any significant vertical translation of the humerus (Fig. 2C) . During the rotations, the scapula was not rigidly fixed in the reference frame, but was maintained by 20 spring elements (SPRINGA SPRI NGA , k ¼ 100 N/mm) simulating the stabilizing muscles of the scapula: the trapezius, the rhomboideus major and the rhomboideus minor (Fig.  2B) . The gliding of the scapula on the thorax was also reconstructed by introducing three spring elements (SPRINGA SPR ING A, k ¼ 100 N/mm) in the antero-posterior direction.
Glenohumeral contacts and bone-muscles contacts were considered in the model. These contacts were modeled with discontinuous unilateral large sliding laws. The normal contact laws were based on an exponential function. The laws allowed some penetrations of the slave surface nodes into the master surface and considered a contact force with a positive contact distance. These considerations provided a good numerical stability of the model. The law used for the glenohumeral contact allowed more penetrations than the law used for the bone-muscles contacts (Fig. 3A) . The Coulomb friction was used for the tangential contact law (Fig. 3B) . The coefficient of friction was set to l ¼ 0:001 for the cartilage-cartilage glenohumeral contact of the normal shoulder and l ¼ 0:1 for the OA shoulder cortical bonecortical bone contact (this coefficient was chosen between l ¼ 0:6, which is the coefficient of friction cortical bone-spongious bone [23] , and 0.001). The contacts between bone and muscle were considered without friction (i.e. l ¼ 0). All contacts were defined between rigid bodies and deformable surfaces except the glenohumeral contact of the normal shoulder that was defined between two deformable bodies. 
Results
Evaluation of the model stability
Parametric studies were conducted to evaluate the robustness of the model. The parameter used to evaluate the glenohumeral motion was the centroid of the contact pressure defined as
with P i the contact pressure at the node i and x i the position of the node i. This parameter synthesizes all the results since the bone stress distribution in the scapula is modified only if the glenohumeral contact region moves. The case of reference was defined with k ¼ 1000 N/mm for the spring on the distal humerus and with an IPS of 1.5 kPa on all the muscles. From this reference, the displacement of the center of contact and the value of the total force transmitted by the glenohumeral contact were compared for the maximal angle of rotations. The displacements of the centroid of the contact were measured in both horizontal and vertical direction on the glenoid surface (Table 2) . Three different stiffnesses of the spring on the distal humerus (k ¼ 10, 100, 1000 N/mm) were tested for internal and external rotations of the normal shoulder ( Table 2 ). The results showed that the modification of the rigidity only changed the vertical location of the glenohumeral contact region. The horizontal displacements of the contact region were less than 0.8 mm. For k ¼ 10, the contact was located in the inferior part of the glenoid fossa for maximal rotations with the OA shoulder. The vertical translation of the contact region modified the contact forces, but for k P 100 the contact force did not vary significantly.
The second parameter studied was the effect of the initial muscular pre-stress. Three different pre-stress were studied (IPS ¼ 0, 1.5, 3 kPa). A pre-stress of 3 kPa represents a force of about 2 N in the subscapularis and infraspinatus muscles, which is more than 10% of the maximal force during the rotation of the normal shoulder. Results are given in Table 2 . The IPS did not modify the glenohumeral contact location on the glenoid fossa. Disp.x and Disp.y are the displacements of the centroid of the contact pressure relative to the reference case (k ¼ 1000, pre-stress 1.5) along the horizontal and vertical axes respectively. The figures on the right represent an example of the centroid of the contact pressure on the glenoid fossa for the normal and OA shoulder at 30°external rotation. The x-axis is horizontal and the y-axis is vertical.
The only modification observed was the expected increase of the normal contact forces for higher pre-stress. The effect of the stiffness of the spring elements stabilizing the scapula was evaluated. No modification of the glenohumeral contact position and contact forces was observed for stiffness of k ¼ 10, 100 and 1000 N/ mm. Finally, the effect of the friction coefficient of the OA glenohumeral contact was investigated. Results showed a posterior translation 3 mm less important for l ¼ 0:01 compared to the values for l ¼ 0:1.
Application to normal and osteoarthritis shoulders
Biomechanical results obtained with the model for a normal and an OA shoulder are presented. The model of the normal shoulder was used as the reference situation and results achieved with the OA model were compared to this reference case.
The glenoid contact pressure was calculated for normal and OA shoulders during progressive external and internal rotations (Fig. 4) . During rotations, the contact zone remained centered in the glenoid fossa for the normal shoulder. For the OA shoulder, a posterior translation of the contact region was observed during ER. This posterior translation was associated to an increase of the contact pressure. At maximal ER, the contact pressure was about two times higher in the OA shoulder than in the normal one. No significant translation of the contact region was observed during IR for the OA shoulder. The total force transmitted through the glenohumeral contact is also higher with the OA shoulder (Table 3) . For ER, the normal contact force is about 2.5 times higher for the OA shoulder than for the normal one. Table 3 shows that shear contact forces are equivalent to the normal contact force divided by the friction coefficient. This result indicates that all glenohumeral contacts are sliding for maximal angles of rotations.
The von Mises shear stresses are represented for the maximal angle of external and internal rotations (Fig. 5) for both shoulders in a horizontal slice of the scapula. The stress in the glenoid was very important in the posterior region during ER for the OA shoulder. In this region, the von Mises maximal values were about three times higher in the OA glenoid at 30°ER than in the normal shoulder.
The forces developed in the subscapularis and infraspinatus muscles during rotations are shown in the Fig. 6 . The force calculated in the supraspinatus muscle was not important during the rotations (not presented). The forces calculated with the OA model were higher than the forces calculated for the normal shoulder. The difference between the forces in the normal and OA shoulder was more important when the muscle was active (infraspinatus muscle for ER and in the subscapularis muscle for IR). The maximum difference of the muscular force between the two shoulders was at 30°E
R. In this case, the force in the infraspinatus muscle was more than four times higher for the OA shoulder than for the normal one.
Discussion
The purpose of this study was to develop a numerical model of the shoulder that is able to quantify the influence of the geometry of the humeral head on the bone stress distribution in the scapula. The presented FE model allows the simultaneous calculation of motions and internal forces such as contact pressure, bone stress and muscle forces. Since soft tissues play a major role in the shoulder motion they were included in the biomechanical model. As illustration, the model was used to evaluate the alteration of the bone morphology due to osteoarthritis.
Currently available FE models of the shoulder usually deal either with (i) rigid body systems, in which forces and moments are related to the rigid body motions (translations and rotations) through the NewtonÕs Fig. 4 . Contact pressure on the glenoid fossa during internal and external rotations for normal (top) and OA (bottom) shoulders. laws of mechanics [4] [5] [6] [7] or with (ii) deformable body systems [8] [9] [10] [11] [12] [13] [14] . Rigid body models provide useful but coarse approximation of the joint interface behavior.
Existing deformable body models do not consider the joint motion and are submitted to a priori calculated external loads representing an approximation of the unknown contact force of the humeral head and muscle forces.
In the present glenohumeral joint model, all the above mentioned limitations were overcome. The 3D reconstruction of muscle was deemed necessary with regard to the overall stability of the model. Indeed, a preliminary version of the present model, which used (non-)linear springs to model the muscles, did not allow simulation of either ER or IR due to its numerical instability. Providing an accurate 3D-muscle reconstruction, the model was able to describe large displacements of the joints together with finite rotations of bones, from which the rigid kinematics could be easily extracted. Bone constitutive laws include not only its elasticity but also the accurate non-homogeneous distribution of bone density. This feature is essential to determine the precise bone stress distribution and cannot be neglected if the future application of model is to analyze the anchorage of orthopedic prostheses. Bone stresses expressed as hydrostatic pressure and von Mises shear stress could be evaluated during external and internal rotations of the humerus. The knowledge of these basic stresses is essential to simulate bone remodeling and then provide some biomechanical insights to explain bone growth of the glenoid and the humerus.
As for all numerical models, the boundary conditions are a difficult task. In the case of the shoulder, it is virtually impossible to reproduce exactly the real boundary conditions with all the muscles acting together to provide the shoulder stability and motion. For this reason, the boundary conditions were chosen to reproduce pure rotations. Obviously, the conditions imposed on the distal part of the humerus are a limitation of the model. These two boundary conditions (UR 1 ¼ 0, UR 2 ¼ 0) replace the effect of non-modeled part of the shoulder like the weight of the arm, omitted muscles, Table 2) . The principal effect of the spring is to limit the vertical translation of the humerus. The horizontal displacement is not affected with translation lower than 0.8 mm. For low values of the rigidity, the vertical translation becomes important in the OA shoulder, leading to unrealistic glenohumeral contacts in the inferior extremity of the glenoid surface. For this reason, a rigidity of 1000 N/ mm has been chosen for the humeral distal spring for both shoulders. A property difficult to evaluate is the cortical bone/cortical bone coefficient of friction. For the OA shoulder, a value of l ¼ 0:1 was used in this study and thought to be reasonable based on the comparison with other friction couples. The effect of variation of this value was also investigated and results showed the same behavior with l ¼ 0:01 than with l ¼ 0:1. Posterior translation during ER and a central glenohumeral contact during IR were observed. This result shows that the friction has a marginal influence on the amplitude of the antero-posterior translation of the contact region observed in the OA shoulder.
Another shortcoming of the model is the limited number of muscles considered. Clearly, internal and external rotations of the shoulder are generated by more than one single active muscle and stabilized by more than two muscles. Nevertheless the modeled muscles are the most important for the glenohumeral stability. It has been shown that the infraspinatus is the principal external rotator of the humerus and accounts for about 60% of ER force [7, 24] . In the same way, the subscapularis is the primary internal rotator accounting for about 50% of the IR force [7] . Moreover, [25] showed that the passive subscapularis muscle tension was the primary anterior stabilizer at 0°of abduction. Posterior stability is also provided by passive muscle tension. Both the supraspinatus and the infraspinatus/teres minor are important posterior stabilizers of the shoulder [26] [27] [28] . Our results showed that the initial muscular pre-stresses did not influence the glenohumeral contact location. This result led to the same stress distribution pattern in the scapula for the different values of IPSs. Thus, the choice of the IPS is not determinant on the results of the model. This results also means that the exact values of the material parameters used in the muscle law are not crucial for the general model behavior. The most important factor is the general mechanism of stabilization itself with the bone-muscles contacts.
The shoulders used to develop the model were representative of normal and OA group of shoulders. All OA shoulders are not identical, but the general modifications due to the primary degenerative disease observed on the chosen shoulder are typical of OA shoulders. Posterior wear of the glenoid surface [29, 30] flatten humeral head and glenoid surface [30] and modification of the retroversion [31, 32] are typical characteristics of OA anatomy. In the same way the normal shoulder chosen has the characteristics of healthy shoulders. For this reason, the results obtained with the model are comparable to general clinical findings.
Correlations exist between the results obtained with the numerical model of normal and OA shoulders and clinical observations. The first parallel concerns the posterior translation of the glenohumeral contact calculated for the OA shoulder. This observation corresponds to the posterior humeral head subluxation frequently observed in primary degenerative disease [29] The von Mises stress distribution indicates also a strong correlation with clinical observations. Regions of high von Mises stress calculated with the model correspond to regions of glenoid wear and bone erosion [29, 30] . Finally, the high forces calculated in the active muscle during motion of the OA shoulder are an indication of the limited range of motion observed for OA shoulders [29] .
Muscular forces as well as total contact forces calculated with the model were low compared to values found in the literature [4, 6, 7, 33] . The difference may be explained by the different motions considered. In this literature, forces correspond to motion of abduction or to isometric testing. In this study, forces correspond to rotations that require lower forces than abduction. Moreover, rotations considered here were passive in the sense that no force were imposed against the motion.
The present model allowed us to highlight the major biomechanical differences existing between normal and OA shoulders. These differences were due to the alteration of the articular geometry and bone density distribution in the OA shoulder. Results showed that when a shoulder has an OA geometry, the stress in the posterior part of the scapula is important. This induces an increase of the bone remodeling and to the growth of the glenoid surface. The OA geometry leads to an amplification of the pre-existing alteration of the bone geometry. Another important results is that the posterior subluxation observed in this study is not caused by a tight anterior soft tissues as proposed by Matsen et al. [34] , since all the muscles have exactly the same properties in the model. This result shows that the posterior subluxation may be explained by the pathological shape of the joint and not only by tight soft tissues. More investigations have to be conducted in order to determine the relative importance of the soft tissues and of the bone shape on the shoulder subluxation.
Our results may have important clinical implications in prosthetic arthroplasty. We found that alteration of the humeral head geometry may greatly influence the contact pressure and stress distribution in the glenoid. A more anatomical humeral head prosthesis could decrease eccentric glenoid loading and consecutively glenoid stress. Further studies will be necessary to support this hypothesis. A model including total shoulder prostheses is under development to analyze the influence of prosthetic design on bone stress, distribution and micromotions at interfaces (bone-cement-implant). This model could provide valuable information in total shoulder prostheses design.
Conclusions
A 3D numerical model of the shoulder has been developed. Application of the model demonstrated significant differences in the biomechanics of the normal and OA shoulders. Results obtained with the model were in agreement with clinical observations on OA shoulders. In this study the biomechanical difference was only caused by the alteration of the bone geometry since the mechanical properties of the soft tissues were identical for the two shoulders. As most of the biomechanical researches to date have used only normal shoulders to define its biomechanics, one should be careful when applying those conclusions to pathological shoulders.
